Native aortic valve cusps are composed of collagen fibers embedded in their layers. Each valve cusp has its own distinctive fiber alignment with varying orientations and sizes of its fiber bundles. However, prior mechanical behavior models have not been able to account for the valve-specific collagen fiber networks (CFN) or for their differences between the cusps. This study investigates the influence of this asymmetry on the hemodynamics by employing two fully coupled fluid-structure interaction (FSI) models, one with asymmetricmapped CFN from measurements of porcine valve and the other with simplified-symmetric CFN. The FSI models are based on coupled structural and fluid dynamic solvers. The partitioned solver has nonconformal meshes and the flow is modeled by employing the Eulerian approach. The collagen in the CFNs, the surrounding elastin matrix, and the aortic sinus tissues have hyperelastic mechanical behavior. The coaptation is modeled with a masterslave contact algorithm. A full cardiac cycle is simulated by imposing the same physiological blood pressure at the upstream and downstream boundaries for both models. The mapped case showed highly asymmetric valve kinematics and hemodynamics even though there were only small differences between the opening areas and cardiac outputs of the two cases. The regions with a less dense fiber network are more prone to damage since they are subjected to higher principal stress in the tissues and a higher level of flow shear stress. This asymmetric flow leeward of the valve might damage not only the valve itself but also the ascending aorta.
Introduction
The aortic valve cusps, or leaflets, are composed of three layers of tissue: the fibrosa on the aortic side, the ventricularis on the left ventricle side, and the spongiosa that lie between them. Most of the collagen fibers are aligned in the fibrosa, but they are also embedded in an elastin matrix in the ventricularis layer [1] . It is widely assumed that the fibers are oriented principally in the circumferential direction, and therefore, the cusp is more compliant and weaker in the radial direction [2] . However, the orientation of the collagen fibers and their bundle sizes vary inside the cusps [3] . Clearly, the mechanical behavior of the cusps and its anisotropic orientation should vary in a similar manner, and since each cusp has its own distinctive fiber alignment, it should also differ between the three cusps.
Many experimental studies have investigated cusp tissue [3, 4] , and several of them have mapped the orientation and concentration of the collagen fibers. Tower et al. [5] measured the fiber alignment during mechanical testing using polarized light microscopy. Robinson et al. [6] investigated the alignment of the fibers in native and bioartificial valves. Nevertheless, these fiber alignments were not employed in the material models of previous biomechanical simulations. Few numerical studies assumed linear elastic and isotropic [7] [8] [9] or anisotropic [7, 8] tissue behavior. More advanced material models included nonlinear tissue behavior and constitutive models to account for their complex collagenous structure. Sun and Sacks [9] employed Fung's model for soft tissue [10] , where hyperelasticity was assumed and the Green stress tensor modified. This group also proposed a method to use Fung's model with biaxial experimental data for a bioprosthetic valve [11] . Kim [12] modeled cusp tissue by modifying Holzapfel's constitutive model [13] that was originally suggested for anisotropic-homogenous arterial tissue. This model was compared with two other models [12] , one included different layers of elements for the collagen fiber network (CFN) and the elastin matrix, and the other employed the high fidelity generalized method of cell (HFGMC) micromechanical model [14] . Weinberg and Mofrad [15] introduced a multiscale model that had a separate layer of collagen elements in the organ level. Several studies accounted for the local fiber orientations. De Hart et al. [16] and Driessen et al. [17] modeled the cusps as a fiber-reinforced composite by adjusting the Cauchy stress tensor and adapting the local orientation and magnitude of the principal stretches. However, these orientations were calculated from the deformation tensor and were not based on the experimental results.
Only a few numerical models investigated the asymmetry of aortic valves, most of them examining the congenital bicuspid valves [18, 19] . Grande et al. [7] examined the effect of asymmetric patient-specific morphology from magnetic resonance imaging (MRI). However, the material model was simplified anisotropiclinear elastic and did not take into account the asymmetric fiber alignment.
Although the collagen fiber alignment is different in each aortic valve cusp, no prior studies have directly investigated the influence of this asymmetry on the valve's hemodynamics. The aim of the present study was to compare the tissue mechanics and hemodynamics of simplified symmetric valve with a valve that included porcinespecific CFN for each cusp. The mapped and simplified-symmetric models were compared using a fluid-structure interaction (FSI) model with identical initial geometry of the tricuspid aortic valve.
Methods
A porcine aortic valve was obtained from the Neufeld Cardiac Research Institute at the Sheba Medical Center. This study was approved by the institutional ethics committee for animal experiments. The cusps were preserved in a 3% formaldehyde solution for four to five days. After achieving transparent tissue with observable fiber bundles, images of the cusps were taken using a digital microscope with a magnification factor of Â10 (Dino-Lite AM311ST, AnMo Electronics, Hsinchu, Taiwan). The bundle alignments were measured from three cusps of a single valve while being fixed in a stretched state. The CFN on each cusp was mapped and the local fiber bundle diameters were measured. Figure 1 shows images taken from the aortic side of the three cusps and the resultant mapped CFN on the stretched cusps.
A three-dimensional (3D) geometry of an aortic valve and root was generated using normal porcine dimensions and geometric relationships [20] . Figure 2 illustrates the valve geometry with dimensions that are scaled with respect to the annulus diameter (d AA ). Two straight rigid and circular tubes were added upstream and downstream to move the flow boundary conditions away from the regions of interest. Their lengths of 1 cm and 4 cm were chosen to be physiologically relevant, but since the pressure drops in these extensions are relatively small, the length is not critical to the solution in the cusp vicinity [21] . The aortic annulus and sinotubular junction were assumed to be pinned to the rigid tubes.
The structural solver employed an implicit nonlinear dynamic analysis using a direct displacement-based finite element method [21] . The finite strain theory was employed since it allows arbitrarily large deformations and it is suitable for modeling biological soft tissue [22] . The equilibrium equations were solved by Newton's method. A CFN material model [12] was employed for the cusps' tissues. The CFN model explicitly recognized the collagen fibers and elastin matrix using different layers of elements. The hyperelastic behavior of the materials was previously calibrated according to published experimental stress-strain curves from porcine aortic valves [3] and was validated against in vitro experiments using transvalvular loading [12] . Figure 3 (a) shows the stress-stain curves for both the elastin and the collagen. The second column of Fig. 1 shows fiber alignment in each cusp of the asymmetric mapped model. An additional model of a valve with symmetric fiber alignment and identical cusps was also generated and compared with the mapped model. This symmetric fiber alignment was designed to closely represent the mechanical behavior of the mapped version. Figure 3 (b) shows a cusp from this simplified symmetric model where the fiber bundles were assumed to be aligned along circular arcs. The CFNs of the mapped and symmetric networks were transformed from the stretched configuration to the initial geometry while keeping their position relative to the mesh of the cusp (Fig. 4) . The thickness of the elastin was taken as 0.3 mm and the cross-sectional areas of the fiber bundles were in the ranges of 0.01-0.64 mm 2 and 0.03-0.50 mm 2 for the mapped and symmetric models, respectively. The tissue of the aortic root in the present study was assumed to be isotropic and hyperelastic with averaged mechanical behavior from available data [23, 24] (Fig. 3(a) ). The thickness of the root was assumed to be 2 mm in both models based on the same data [23, 24] . The models were calibrated to the literature range of opening areas and stresses by selecting viscous damping coefficients of 0.07 s and 0.03 s for the elastin and collagen, respectively. A master-slave contact algorithm was employed between the cusps assuming a nonfriction contact [21] . Assuming thin structural behavior, shell elements were used to model the cusps and the root. Since the flow solver calculates different pressure values on both sides of the cusps, virtual surfaces that represent the thickness of the cusps were added. These virtual surfaces were forced to move with the cusps' nodes and the calculated blood pressure load was transferred back to the shell nodes. The shell element mesh of the structural part had more than 14,000 elements, which were found to be adequate following a mesh refinement study [21] . An additional 1,279 and 900 nodes were added for the beam elements of the collagen fibers in the mapped and symmetric models, respectively. All the active degrees of freedom were forced to be equal for these nodes and the shell elements of the elastin. In a similar fashion to the contact formulation, there is also an exchange of forces between the layers.
The flow was assumed to be laminar and the blood to be Newtonian at a temperature of 37 C [21] . To improve the convergence of the FSI model, the blood was assumed to be slightly compressible with low and physiological compressibility [21] . The unsteady 3D Navier-Stokes and mass conservation equations were solved with a finite volume method using the Eulerian approach with a Cartesian mesh, allowing a convenient treatment of the topology changes due to valve closure [21] . To improve the convergence of the FSI model the blood was assumed to be slightly compressible [25] with a realistic and physiologic bulk modulus [26] . The pressure correction was calculated based on standard wave equation. Physiologic time-dependent pressures were employed at the upstream and downstream boundaries, representing the pressures at the left ventricle and the ascending aorta, respectively, as shown in Fig. 5 . The flow domain was discretized with dynamically adapting mesh of approximately 700,000 cells following a mesh refinement study [21] . The mesh was dynamically adapted in the vicinity of the walls, including near the moving cusps and the compliant root by dividing each cell until it reached a cell size of 0.27 mm near the moving tissue, or 44,750 fluid nodes on each cusp. The implicit flow solver used a spatially second order upwind scheme as well as a second order temporal discretization.
The FSI models were solved by a partitioned solver with nonconformal meshes, which facilitated large structural motion through the fluid domain and simplified the introduction of contact. The sequential two-way loose coupling process exchanged the structure displacement and velocities and the calculated traction load between the solvers [21] . The virtual surfaces of the structural model were loaded with concentrated forces that acted on their nodes. The forces were calculated from the flow traction that included the fluid pressure and the flow shear stress. On the other hand, the kinematics of the structure defined the velocity of the moving boundary in the flow domain. The maximum time steps were 2.5 ms and 1.25 ms for the flow and structure solvers, respectively [21] . The mesh of the structural model was created with TrueGrid (XYZ Scientific Applications Inc., Livermore, CA). The structural problem was solved by Abaqus 6.11 (Simulia, Providence, RI), while FlowVision HPC 3.08 (Capvidia, Leuven, Belgium) was the flow solver and managed the coupling of the codes. These FSI models were previously shown to have good agreement with available data from in vitro experiments and numerical models based on stretch ratio, opening area, stress values during systole and diastole, flow shear stress, and flow patterns [27] . 
Results
Our study focused on the influence of the asymmetric fiber alignment on hemodynamics. Thus, most of the results of the two models were compared at the opening, systole, and closing phases. Figure 6 shows the opening area as a function of time for the two models, with maximum principal stress contour plots on the deformed valves at peak systole and diastole. We denoted the maximum principal stress simply as stress to describe its distribution. It should be emphasized that the opening area is calculated based on the middle surface of the cusp. Therefore, the minimum possible area of 0.165 cm 2 is found when the valve is fully closed because of the cusp thickness. In both models, peak systole was at 86 ms after the beginning of the opening, where it is defined as the first time the valve reached its maximum opening state [18, 19] . A similar opening area is found in both models at this stage of the cardiac cycle, 2.76 and 2.69 cm 2 for the symmetric and mapped models, respectively. This also leads to similar velocity magnitudes. The maximum axial velocity, 2 cm leeward of the valve, is 1.22 and 1.13 m/s, and the cardiac output is 4.23 and 3.92 L/min for the symmetric and mapped models, respectively. Similar opening areas were found in in vitro measurements of normal human aortic valves under a flow rate of 5.5 L/min with a systolic ejection period of 45% [28] . After normalization of this flow rate to the ejection period of the current model (32%), the in vitro results had comparable opening areas under similar cardiac output of 3.9 L/min. The opening time of 86 ms was also in the range of 74 to 90 ms that was previously found for aortic valves under a heart rate of 70 bpm from in vivo measurements of dogs [29] and from finite element models [19] , respectively. Also at this time, higher stress magnitudes in the mapped model could be seen. In both models and throughout the cycle, the collagen was subjected to higher stress magnitudes than in the surrounding elastin. Values up to three times as high were found in the fibers of the left cusp, while values twice as high were found in the other cusps of the mapped and symmetric models.
Later in systole, the mapped model had a larger opening area than that found in the symmetric model. A possible explanation is that its cusps, and specifically the left cusp, had less dense fiber distribution with thinner fiber bundles. Systole continued until the valve started to close 90 and 95 ms after peak systole for the mapped and symmetric models, respectively. These findings are also in accord with the literature range of 90 to 107 ms [19, 29] . Longer closure duration of 80 ms was found in the symmetric model compared with only 55 ms in the mapped one. The duration times of the symmetric cases were in agreement with previous results of 70 to 90 ms [19, 29] , while the mapped model had a faster closure. The maximum stress magnitudes in the fibers during diastole (compared here at t ¼ 275 ms, as shown in Fig. 6 ) were up to 12 times higher than those found at systole, where the largest difference was in the left cusp. During diastole, the elastin in all the cusps of the two models had similar maximum stress values, 240-320 kPa, but the collagen fibers in the left cusp were subjected to order of magnitude larger stress compared with the other cusps, 7.8 MPa versus 790-970 kPa. These results might show that a denser fiber network is needed for better load distribution. Figure 7 presents blood flow velocity vectors and blood pressure contours, at different instances of the cardiac cycle, on A-A sections (Fig. 6) of the two models. This figure demonstrates not only how blood pressure causes the opening and closing of the valve but also how the asymmetric fiber alignment affects the flow field. At the beginning of the opening phase (t ¼ 30 ms), the blood flow from the ventricle starts to open the valve even though there is a low pressure difference between the ventricle and aortic sides of the cusps. After the pressure difference rapidly opens the valves, the low pressure difference keeps the valves at their open state (t ¼ 85 ms). The asymmetric CFN in the mapped model leads to a highly asymmetric flow field. While there is an axial jet in the symmetric case, the jet in the mapped model is directed away from the cusp with the larger displacement, or the one with less dense CFN. It can also be seen from the configurations of the valves at this time (the upper left corner of Fig. 6 ). During systole (t ¼ 150 ms), although the mapped valve seems almost symmetric on the twodimensional (2D) section, asymmetric flow can still be found leeward the valve. At this stage, the mapped model has larger opening area than the symmetric one, 2.63 cm 2 versus 2.51 cm 2 , respectively (Fig. 6) . Therefore, the mapped version presents lower resistance to the flow. Later, the pressure in the ventricle was reduced to below the aortic pressure (t ¼ 220 ms), leading to valve closure and reversed flow. At this stage, the flow and kinematics in the mapped model were still asymmetric. During the beginning of the diastole, when the valve was fully closed (t ¼ 275 ms) there was no significant difference between the configurations of the valves in the two models. Although the flow velocity in the ventricle at this stage might seems unreasonable, it is a direct result of the valve motion that still has not reached steady state. Figure 8 presents the blood flow shear stress on the cusps of the two models at four instances when the opening area was larger than 1.5 cm 2 . For clarity, the compliant root is not shown in Fig. 8 although it is part of all the models. The shear stress values in the middle of the cusps are between 5 to 10 Pa on the aortic and ventricular sides, respectively, which is slightly larger than previously measured values [28] [29] [30] . In both the mapped and symmetric versions, the largest flow shear stress distribution was found during peak systole. At this phase, maximum shear stress magnitude of 450 Pa was found on the symmetric model, while it reached values between 92.9 and 306.8 Pa in the left and right cusps of the mapped model, respectively. On the aortic side the maximum flow shear stress was found on the least dense side of the cusp, or the more compliant side. However, while different flow shear stress distributions were found on the ventricle side of the mapped model, the right and posterior cusps had similar symmetric distribution, with lower shear stress in the middle of the coapting region in the left cusp. While it seems that high flow shear stress magnitudes act on the cusps during closure (t ¼ 225 ms), the maximum values are three to four times lower than those found during peak systole.
Discussion
The current study introduces and employs a new approach for modeling the tissue properties of native aortic valves in full FSI models. This approach is based on valve-specific mapping of the CFN, including the asymmetric structure inside each cusp and the difference between them. The FSI models, of both the mapped and symmetric cases, demonstrate the hypothesis that this asymmetric internal structure has a considerable impact on the hemodynamics. Since this study focuses on hemodynamics, most of the results were taken during the opening, systole, and closing phases. Although the models are not compared to dedicated experiential Fig. 6 The valve opening area, of the symmetric and mapped models, as a function of time with maximum principal stress contours plotted on the deformed structure during peak systole and diastole studies, they are in accord with previous results of the kinematics (opening area, opening and closing times) under similar heart rate and cardiac output conditions [19, 29] .
The comparison between these two models also reveals the importance of accurate tissue modeling for the cusps. Unlike most of the previous models that employed constitutive material models, the current models show that the fibers carry most of the load and are subjected to much higher stress magnitudes. Although this phenomenon could not be captured in the constitutive models, it is intuitively implied from the different material behaviors. Obviously, the alignment and distribution of the fibers have a major effect on total tissue behavior and stress distribution within the cusps. Therefore, the cusp with the least dense fiber network (left cusp in the mapped model) has the largest deformations, fastest opening and closing, with its fibers subjected to order of magnitude larger stress values. Even though there are only small differences between the opening areas (<10%, Fig. 6 ) or cardiac output (7.3%) in both cases, the asymmetric kinematics of the mapped model lead to asymmetric flow (Fig. 7) . The asymmetric flow has relatively large radial components, so it has lower axial velocity magnitudes even when the valve opening area is similar to the symmetric case; for example during peak systole. The reduction and increase in the opening area during systole (Fig. 6 ) might be an artifact of the initial or boundary conditions that could be improved in future models. On the other hand, similar behavior was previously found in in vivo measurements of pathologic valve [30] , thus this behavior is plausible and might not necessarily be a numerical artifact. Similar to the comparison between the cusps of the mapped model, the left cusp has less dense CFN than the symmetric model, which is the main reason for faster closure. The flow shear stress distribution on the cusps is influenced not only by fiber concentration of the entire cusp but also by local concentration distribution in each cusp. The higher flow shear stress values that act on the less dense side of the cusp might damage this region first. Figure 7 shows an asymmetric flow field even when the local 2D kinematics look almost symmetric (t ¼ 150 ms). Even the flow field in the ventricle side is affected by the difference in the opening area since it changes the resistance to the flow. This asymmetric flow might initiate tissue damaging leeward the valve, for example, at the ascending aorta, and it should be further investigated, especially for native valves with highly asymmetric pathologies. In conclusion, 3D FSI models of aortic valves with porcinespecific and symmetric collagen fiber alignment have been developed. These models included compliant root, physiologic blood pressure, and realistic material behavior, as well as physiologic and kinematical results. The mapped case showed highly asymmetric valve kinematics and hemodynamics. The regions with less dense fiber network were subjected to higher internal stress and flow shear stress magnitudes and, therefore, were at higher risk of damage.
